Optical sensor technology o ers significant opportunities in the field of medical research and clinical diagnostics, particularly for the detection of small numbers of molecules in highly diluted solutions. Several methods have been developed for this purpose, including label-free plasmonic biosensors based on metamaterials. However, the detection of lower-molecularweight (<500 Da) biomolecules in highly diluted solutions is still a challenging issue owing to their lower polarizability. In this context, we have developed a miniaturized plasmonic biosensor platform based on a hyperbolic metamaterial that can support highly confined bulk plasmon guided modes over a broad wavelength range from visible to near infrared. By exciting these modes using a grating-coupling technique, we achieved di erent extreme sensitivity modes with a maximum of 30,000 nm per refractive index unit (RIU) and a record figure of merit (FOM) of 590. We report the ability of the metamaterial platform to detect ultralow-molecular-weight (244 Da) biomolecules at picomolar concentrations using a standard a nity model streptavidin-biotin. P lasmonic biosensors allow the rapid detection of biomolecular interactions in real time, which is particularly valuable for the diagnosis of diseases and routine point-of-care (POC) clinical evaluations 1-16 . The basic principle of the plasmonic sensing mechanism is the excitation of charge density oscillations (surface plasmons) propagating along the metal/dielectric interface when the wavevector of incident light satisfies the resonant condition 17 . At visible and near infrared (NIR) wavelengths, the electric field associated with these oscillations is highly sensitive to the change in refractive index of its surrounding medium, and decays exponentially. Plasmonic sensors therefore facilitate the real-time monitoring of biomolecular binding events and can be used to study the nature of such interactions.
Optical sensor technology o ers significant opportunities in the field of medical research and clinical diagnostics, particularly for the detection of small numbers of molecules in highly diluted solutions. Several methods have been developed for this purpose, including label-free plasmonic biosensors based on metamaterials. However, the detection of lower-molecularweight (<500 Da) biomolecules in highly diluted solutions is still a challenging issue owing to their lower polarizability. In this context, we have developed a miniaturized plasmonic biosensor platform based on a hyperbolic metamaterial that can support highly confined bulk plasmon guided modes over a broad wavelength range from visible to near infrared. By exciting these modes using a grating-coupling technique, we achieved di erent extreme sensitivity modes with a maximum of 30,000 nm per refractive index unit (RIU) and a record figure of merit (FOM) of 590. We report the ability of the metamaterial platform to detect ultralow-molecular-weight (244 Da) biomolecules at picomolar concentrations using a standard a nity model streptavidin-biotin. P lasmonic biosensors allow the rapid detection of biomolecular interactions in real time, which is particularly valuable for the diagnosis of diseases and routine point-of-care (POC) clinical evaluations [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] . The basic principle of the plasmonic sensing mechanism is the excitation of charge density oscillations (surface plasmons) propagating along the metal/dielectric interface when the wavevector of incident light satisfies the resonant condition 17 . At visible and near infrared (NIR) wavelengths, the electric field associated with these oscillations is highly sensitive to the change in refractive index of its surrounding medium, and decays exponentially. Plasmonic sensors therefore facilitate the real-time monitoring of biomolecular binding events and can be used to study the nature of such interactions.
There are two classes of conventional plasmonic sensors, based on surface plasmon polaritons (SPPs) and localized surface plasmons (LSPs; ref. 18 ). Both SPP and LSP sensors measure the sensitivity of the plasmon resonant frequency to small changes in refractive index adjacent to the metal/dielectric interface. SPP sensors are usually built in a Kretschmann configuration that matches momentum between the surface plasmon and a laser beam, whereas LSP sensors exhibit a tunable resonant frequency that does not require momentum matching. LSP sensors geometrically confine electromagnetic energy absorbed from large optical crosssections to significantly enhance local fields within 5-15 nm of the nanoparticle surface. Although reported sensitivities for LSP sensors are ≈2 × 10 2 nm/RIU (refs 19,20) , due largely to the smaller plasmon-active adsorptive surfaces of nanoparticles relative to planar films, detection levels are comparable to SPP sensors for single-molecule binding events 21 . However, SPP sensors benefit from a high sensitivity to refractive index changes of ≈2 × 10 6 response units per RIU for a defined planar gold film area and surface coverage by a particular analyte 22 . On the other hand, LSP-based sensors perform well in some instances, particularly for smaller molecule detection, by precisely tracking the local refractive index changes due to biomolecular reactions by using the concept of optical phase flips 11 . Recent progress in microfabrication and nanofabrication has encouraged the development of novel labelfree plasmonic biosensors, particularly metamaterials, which can overcome the limitations of conventional plasmonic sensors [12] [13] [14] [23] [24] [25] [26] . A metamaterial based on two-dimensional (2D) porous gold nanorod arrays has also been proposed for high-sensitivity plasmonic biosensors 14 . The reported sensitivity was 30,000 nm per RIU, with a maximum probe depth of 500 nm at NIR frequencies. However, plasmonic nanorod metamaterials show enhanced sensitivity solely in the infrared spectral region, and the sensing mechanism remains based on the bulk Kretschmann configuration. Even though this configuration is miniaturized for commercial biosensing, it is not suitable for POC applications owing to the bulky high-end instruments of the Kretschmann configuration 16 . In addition, a higher figure of merit (FOM) and ultrahigh sensitivity are required to detect small numbers of lower-molecular-weight (<500 Da) biomolecules, such as proteins, hormones and drugs, owing to their lower polarizability, which decreases the resonance shift of the sensor.
To address the drawbacks of current plasmonic biosensors, we have developed a plasmonic biosensor platform based on hyperbolic metamaterials (HMMs) that demonstrates broadband extreme sensitivity from visible to NIR wavelengths. HMMs are unusual electromagnetic metamaterials that feature hyperbolic dispersion because one of their principal components has the The GC-HMM sample shows four prominent reflectance dips, corresponding to the bulk plasmon polariton modes, and two weak reflectance minima in the shorter wavelengths, corresponding to the SPP modes. A blue shift in resonance wavelength with increasing angle of incidence shows all six modes are guided modes.
opposite sign to the other two 27 . Their properties include the strong enhancement of spontaneous emission 28, 29 , diverging density of states 30 , negative refraction 31, 32 , biosensing 14 and enhanced superlensing effects 33 . HMMs have many promising applications based on their high-k modes, a concept that has been theoretically and experimentally investigated by many research groups 29, 34, 35 .
We recently reported that the excitation of high-k modes in a planar HMM is possible using a grating-coupling technique [36] [37] [38] .
In particular, we propose that HMM geometries coupled to unconventional 2D gold diffraction gratings could be used to realize high-sensitivity biosensors that operate at visible and NIR frequencies simultaneously. A distinct advantage of this geometry is that the spectral position of the resonance can be tuned from visible to NIR by changing both the HMM and the diffraction grating parameters. Because the proposed configuration is based on a grating-coupling technique, the practical realization of a miniaturized and multiplexed sensor device is possible for a wide range of applications, including POC.
Fabrication and characterization of the sensor device
The fabricated HMM multilayer is shown in the inset of Fig. 1c Supplementary Fig. 1 ) were used to determine the uniaxial dielectric tensor components (ε = ε x = ε y and ε ⊥ = ε z ) as shown in Fig. 1c . The fabricated HMM showed a hyperbolic dispersion at λ ≥ 520 nm, where ε < 0 and ε ⊥ > 0. A clear signature showing the presence of high-k modes was obtained by studying the lifetimes of short-lived excitonic states of the chromophores placed in close proximity to the gold/Al 2 O 3 multilayers in both elliptical and hyperbolic bands ( Supplementary Fig. 2) . A well-known grating-coupling technique was used to excite the high-k modes of the fabricated HMMs (ref. 36) . A metallic diffraction grating was placed on top of the HMM, making it possible to diffract light and produce a wide range of wavevectors entering the HMM (ref. 40) . A metallic diffraction grating-coupled HMM (GC-HMM) was fabricated by first depositing a thin (10 nm) Al 2 O 3 spacer layer on the HMM (see Methods). A thin dielectric spacer layer can improve the coupling between the diffraction grating and the HMM. Gold can be functionalized with biomolecules easily using thiol-based surface chemistry 41 here we fabricated gold diffraction gratings. A scanning electron microscope image of a 2D gold diffraction grating on top of a gold/Al 2 O 3 HMM is shown in Fig. 1a . Many grating squares (100 µm × 100 µm) with an average period of 500 nm and an average hole diameter of 160 nm were achieved. For transverse magnetic polarized light, the reflectance spectra of the grating-coupled HMM at different angles of incidence are shown in Fig. 1d . Four reflectance minima with high-quality-factor resonances were obtained in the hyperbolic region (λ > 520 nm) representing the highly confined bulk plasmon polaritons (BPPs). However, two weak reflectance minima were observed in the elliptical region (λ < 500 nm) representing SPPs or long-range surface plasmons of the HMM, given that metal/dielectric stacks support all these modes 35, 36 . Each of the modes was blue-shifted when the angle of incidence increased, indicating that all six modes are guided modes. Because all the modes of GC-HMM behave differently for angle of incidence, we designed and fabricated a biosensor geometry to exploit the extraordinary properties of these modes. The operational principle of our sensor device is based on the coupling condition between grating surface modes and high-k modes. The coupling condition varies when the refractive index of the surrounding medium changes, because the BPPs represent the entire family gap plasmon modes of the metal-dielectric multilayer. This change is observed as a resonant wavelength shift in the reflectance spectrum. A flow microchannel-based miniaturized biosensor platform ( Fig. 1a ) was therefore developed by assembling the microfluidic system on top of the GC-HMM (see Methods). One such biosensor device integrated with the microfluidic channel is shown in Fig. 1b . The reflectance spectrum of the sensor device was modified at longer wavelengths compared to the GC-HMM ( Fig. 1d ). Specifically, the fourth BPP mode (λ > 2,000 nm) is missing from the spectrum owing to the greater absorption capacity of the relatively thick polymer channel at longer wavelengths ( Supplementary Fig. 4 ).
Evaluation of the sensor device
A standard sensor evaluation method was used for calibration and to determine the detection limit of the sensor device. Aqueous solutions of glycerol with different weight ratios (0.1-0.5%) were manually injected into the sensor flow microchannel using a syringe (sample volume 14 × 2 × 0.05 mm 3 ) and the corresponding extremely small refractive index change was recorded as a shift in the reflectance spectrum. The reflectance spectra of glycerol with different weight ratios in distilled water are shown in Fig. 2a . A red shift in resonance wavelength occurred when the weight ratio of glycerol changed, and the quality factor of the resonance clearly declined when the glycerol concentration increased. The difference in refractive index between distilled water (1.3330) and 0.5% glycerol (1.3336) is 0.0006 (ref. 42 ). The wavelength shift and calculated refractive index sensitivity for NIR wavelength modes are 18 nm and 30,000 nm per RIU for the first mode (∼1,300 nm), and 12 nm and 20,000 nm per RIU for the second mode (∼880 nm) ( Fig. 2b,c) . The corresponding values for the visible wavelength modes are 8 nm and 13,333 nm per RIU for the first mode (∼660 nm) and second mode (∼550 nm), and 6 nm and 10,000 nm per RIU for the third mode (∼450 nm) ( Fig. 2d ,e). We have performed numerical simulations to demonstrate the different refractive index sensitivities of different modes for the bulk refractive index changes, and found that the simulated behaviour of modes ( Supplementary Fig. 18 ) exactly matches with experimentally realized results (see Supplementary Section 7) .
Another key parameter of a sensor device is the FOM, which is defined as ( λ/ n)(1/ ω), where λ is the wavelength shift, n is the refractive index change and ω is the full-width of the resonant dip at half-maximum. The FOM is a key biosensing parameter that determines the sensitivity with which very small wavelength changes can be measured, by taking into account the sharpness of the resonance 14 . Experimentally obtained FOM values of five resonant dips from visible (450 nm) to NIR (1,300 nm) wavelengths were 108, 206, 357, 535 and 590, respectively, whereas the maximum FOM reported previously was 330 (NIR only) obtained using plasmonic nanorod metamaterials 14 . However, we achieved a maximum sensitivity of 30,000 nm per RIU and a record FOM of 590 at NIR frequencies, which shows that the novel sensor device has the ability to detect ultralow concentrations of analytes by measuring very small refractive index changes. Although the plasmonic nanorod metamaterials described previously provide almost the same sensitivity at NIR wavelengths, broadband high sensitivity and high FOM values from visible to NIR cannot be achieved with that configuration 14 . In the following biosensing experiments, we consider only two NIR wavelength modes (1,300 and 880 nm) and one visible mode (670 nm), because they provide enhanced sensitivity and higher FOM values. These modes are described as the first (1,300 nm), second (880 nm) and third (670 nm) BPPs, respectively.
Detection of lower-molecular-weight biomolecules
To demonstrate the ability of the novel sensor device to detect lower-molecular-weight biomolecules in extremely dilute solutions, we used a standard streptavidin-biotin affinity model 14 . Biotin has a molecular weight of 244 Da and conventional surface plasmon resonance-based biosensor techniques require relatively high concentrations of biotin (≥100 µM) to acquire a detectable response 14 . In contrast, previously reported plasmonic nanorod metamaterials were able to detect biotin at concentrations as low as 10 µM using a standard analytical chemistry protocol 14 . Notably, we were able to enhance the sensitivity of detection by six orders of magnitude, achieving the quantification of 10 pM biotin in phosphate buffered saline (PBS). The sensor was able to measure the refractive index change caused by the capture of biomolecules at the sensor surface within the microfluidic channel. Sensor performance was monitored as a wavelength shift in the reflectance spectrum by injecting different concentrations of biotin (10 pM to 1 µM) into the sensor microchannel. We first recorded the reflectance spectrum of the sensor device by injecting PBS, and then injected different concentrations of biotin, and the corresponding reflectance spectra were recorded after a reaction time of 40 min for the first mode ( Fig. 3a) , second mode ( Fig. 3b ) and third mode ( Supplementary Fig. 5 ). Compared to Fig. 2a , the spectral positions of the three modes were slightly red-shifted owing to surface chemistry. Before each injection of a new concentration of biotin, PBS was introduced into the microchannel to remove the unbound and weakly attached biotin molecules. The response of the device during the detection of 10 pM biotin is shown in Fig. 3c (for the first mode). PBS was injected into the microchannel to determine the spectral position of the resonance, and then 10 pM biotin was injected and the resonance wavelength was recorded over the time course of the experiment. We observed a red shift and discrete steps in the resonance wavelength over time, which is due to the 0.2 nm discreteness in the wavelength sensitivity, and the variability in the step size is due to statistical fluctuations where larger or smaller numbers of binding events occur (see Supplementary Sections 4 and 6). Finally, a small blue shift in resonance wavelength was observed by injecting PBS into channel again, to remove the unbound and weakly attached biotin molecules (see Supplementary Fig. 8 ). The performance of the sensor for the three modes is shown in Fig. 3d , which plots the wavelength shift with different concentrations of biotin (10 pM to 1 µM). Nonlinear variation in the wavelength shift, as a function of the biotin concentration, was observed for all three modes (see Supplementary Section 6). The first mode achieved a greater wavelength shift than the second and third modes because it was most sensitive to the extremely small refractive index change and the maximum FOM.
Demonstration of ultrahigh sensitivity of the sensor
To demonstrate the ultrahigh sensitivity of the sensor device for the detection of biomolecules in extremely dilute solutions without any surface functionalization steps, we used biomolecules of relatively Figure 4 | Evaluation of sensor performance without functionalization. a,d,g, Reflectance spectra of the first mode for di erent concentrations of BSA in distilled water (10 fM to 100 nM) (a), biotin in distilled water (10 fM to 100 nM) (d) and BSA plus biotin in distilled water (5 fM to 50 nM) (g). b,e,h, Reflectance spectra of the second mode for di erent concentrations of BSA in distilled water (10 fM to 100 nM) (b), biotin in distilled water (10 fM to 100 nM) (e) and BSA plus biotin in distilled water (5 fM to 50 nM) (h). c,f,i, Variation of the wavelength shift for the three modes with di erent concentrations of BSA (c), biotin (f) and BSA plus biotin (i) in distilled water. The wavelength spectroscopic resolution is set to 0.4 nm. The size of the data points in c,f,i, represents the error bar.
high and low molecular weight-BSA (bovine serum albumin, 66,430 Da) and biotin. Solutions of each molecule prepared in distilled water, with concentrations ranging from 10 fM to 100 nM, were injected into the sensor microchannel (volume = 1.3 µl) and the wavelength shift of the reflectance spectra was measured. Distilled water was injected into the channel to remove unbound and weakly attached BSA and biotin molecules before each injection of a new solution. The reflectance spectra for highly diluted BSA solutions were recorded after a reaction time of 40 min for the first mode ( Fig. 4a ), the second mode ( Fig. 4b ) and the third mode ( Supplementary Fig. 12a ). In addition, the binding of BSA to the sensor surface (for the first mode) was investigated by recording the wavelength shift of different concentrations of BSA over time ( Supplementary Fig. 10 ). Over the same reaction time, the reflectance spectra for different concentrations of biotin solutions are shown for the first mode ( Fig. 4d ), second mode ( Fig. 4e ) and third mode ( Supplementary Fig. 12b ). The sensor performance for all three modes with different concentrations of BSA and biotin is shown in Fig. 4c ,f, respectively. To understand the behaviour of the wavelength shift with respect to the number of adsorbed particles, we analyse the sensor geometry and the physical details of the adsorption process in Supplementary Section 6. Although we cannot directly measure the population of biomolecules on the sensor surface, we can determine an upper bound on this population, which is on average 84 particles in the long-time limit for the biotin and BSA experiments conducted at 10 fM. Given a first mode shift of 5.2 nm for BSA and 1.8 nm for biotin, this implies a mean shift per particle which is at least 0.06 nm and 0.02 nm respectively. Given the fact that biotin's molecular weight is nearly 300 times smaller than BSA, the relatively small drop in sensitivity going from BSA to biotin is remarkable. Our analysis also revealed that the wavelength shift varies nonlinearly with concentration, decreasing with the number of adsorbed particles on the surface. This nonlinear dependence is described well by a phenomenological double exponential model for both biotin and BSA ( Supplementary Fig. 14) . The sensor performance is highest at the lowest concentrations. In fact, given the large wavelength shift for BSA at 10 fM, the sensor system should be able to achieve attomolar detection levels.
Remarkably, the wavelength shifts in the first, second and third modes for BSA and biotin behaved differently. Whereas the third mode featured the same wavelength shift for both molecules despite their different molecular weights, the shift in the first mode was greater for BSA than the lighter biotin ( Supplementary  Fig. 13 ). It shows that different modes have different sensitivities to different sizes of molecules. To demonstrate this behaviour in detail, we injected different concentrations of mixed solutions of BSA and biotin (5 fM to 50 nM) into the sensor microchannel and recorded the corresponding wavelength shift. The reflectance spectra recorded after a reaction time of 40 min are shown for the first mode ( Fig. 4g ), second mode ( Fig. 4h ) and third mode ( Supplementary Fig. 12c ), and the variation in the wavelength shift with concentration for all three modes is shown in Fig. 4i . We found that the wavelength shift for the first mode was comparable to that of BSA alone, whereas the wavelength shift for third mode was comparable to that of biotin alone. This mode-dependent behaviour of the sensitivity suggests that the nanosensor might be employed as a biological sieve to discriminate binding events of large and small molecules. To justify the physical reasons behind the heterogeneous behaviour of the different modes of GC-HMM, the transversal confinement of different modes in the superstrate ( Supplementary  Figs 19 and 20) and their sensitivity towards shallow refractive index changes ( Supplementary Fig. 21 ) were numerically simulated and compared with experiment (see Supplementary Section 7). The observation that the different modes are sensitive to the size of the molecules is due to the fact that the transverse decay of the field varies strongly from one mode to another.
Outlook
The ultrahigh sensitivity of the platform reflects the enhanced sensitivity of the GC-HMM for the bulk refractive index change as well as the accumulation of biomolecules on the surface of the 2D subwavelength hole-array grating. The multimodal differential response of our sensor offers a promising opportunity to design an assay for the selective detection of higher-and lower-molecular-weight biomolecules in highly diluted solutions. Both miniaturization and multiplexing are two important features for new generation lab-on-a-chip sensors. Although the miniaturization process of the HMM sensor could reach the fabrication limit of current nano-lithographic techniques (few hundreds of nm), the lateral size is limited from the optical reading cross-section (tens of micrometres), whereas the transversal section would remain in the range of a few hundreds of nanometres. The embedding of the HMM photonic chips in biocompatible matrices (for example, silk) could also allow for transcutaneous implantation. The multiplexing assay is very important in sensing applications because it brings specificity properties to ligand-free sensors and adds specificity features to ligand-functionalized sensors. In particular, the multiplexing properties of the presented HMM sensor are based on the different sensitivities of the BPP modes. This property is harnessed by simultaneously evaluating the overall wavelength shift of all the modes to discriminate binding events of small molecules, which can be detected only from the most sensitive modes, with respect to binding events of large molecules that can be detected by all the modes. This biosensing platform, owing to the sensitivity and the intrinsic multimodal selective response, can be harnessed as an extreme sensitivity biological sieve in real biological samples, to detect ultralowmolecular-weight analytes for routine POC clinical evaluation and real-time diagnosis of diseases. However, multiplex detection is possible for multi-analyte biological samples constituted by molecules whose molecular weight spans at least three orders of magnitude (250 Da-500 kDa). The selective response accuracy is limited by the number of bulk plasmon polariton modes and their relative sensitivity, which ranges between 10,000 and 30,000 nm per RIU. The integration of the metamaterial-based photonic chip with micrometre-sized channels can be adapted to allow microfluidic manipulation of real biological samples, including biochemical operations, amplification by polymerase chain reaction, filtration and blood separation. Furthermore, the biosensing platform can be employed for a wide range of molecule concentrations: from highly diluted concentrations (10 fM) to the more concentrated multi-analyte samples (10 µM). In summary, we have demonstrated a microfluidics-integrated plasmonic platform based on HMMs for ultrasensitive biosensing. This device has the ability to detect extremely small refractive index changes by exciting the high-k modes associated with HMMs, allowing the detection of lower-and higher-molecular-weight biomolecules in extremely dilute solutions. The sensitivity and FOM of our device largely exceeds current biosensing and chemical sensing technologies. Because the excitation mechanism is based on a grating-coupling technique, the platform could easily be integrated with microfluidic systems for lab-on-a-chip and POC biosensing applications. This miniaturized sensor platform is suitable for the development of next-generation biosensors for high-throughput, label-free, multi-analyte sensing applications.
Methods
Methods and any associated references are available in the online version of the paper.
Device fabrication. HMMs in the form of ultrathin multilayers have several advantages over conventional metamaterials, including three-dimensional (3D) non-resonant optical responses with low loss. HMMs were produced by the sequential deposition of Al 2 O 3 and gold layers on a glass substrate (Micro slides, Corning) using electron-beam (e-beam) evaporation of Al 2 O 3 pellets and thermal evaporation of gold pellets (both from Kurt J. Lesker). The deposition rate of both materials was 0.3 A s −1 . A 2D gold diffraction grating was deposited on top of the HMM by e-beam lithography (Tescan Vega). Deep subwavelength gratings were produced using a two-layer photoresist coating. Initially, a methyl methacrylate (MMA) resist (8.5MMAEL 11, MICROCHEM) was spin-coated on the sample at 4,000 r.p.m. and baked at 180 • C for 5 min. A PMMA resist (950PMMA C2 Resist, MICROCHEM) was later spin-coated at 5,000 r.p.m. and baked at 180 • C for 8 min.
The prepared sample was patterned by e-beam lithography at a dosage of 150 mC cm −2 and a beam intensity of 8. The exposed samples were developed using methyl isobutyl ketone (MIBK) (isopropyl alcohol (IPA) solution for 90 s and IPA for 30 s) before imaging by scanning electron microscopy (SEM, Tescan Vega), confirming that the periodic holes matched the design precisely. Because the spacer layer is very thin, it is not possible to etch the 2D hole array through the spacer layer to obtain a deep grating. Therefore, we directly deposited a thin (20 nm) gold layer on top of the sample using thermal evaporation of gold pellets as above to realize a metallic diffraction grating. The prepared samples were again imaged by SEM to confirm the uniformity of the gold layer on the gratings.
Microfluidic channel fabrication and integration with the GC-HMM substrate.
Microfluidic channels comprised a poly(methyl methacrylate) plastic top (encompassing micromachined inlets and outlets) and a double-sided 50-µm adhesive film defining the outlines and thickness of the microchannels. PMMA caps were prepared by laser micromachining an inlet and outlet (diameter 0.61 mm, separation 12.4 mm) using a VersaLASER system (Universal Laser Systems). Double-sided adhesive film (iTapestore) was machined to encompass the PMMA component and 14 × 2 mm microchannels 50 µm in height. The film was attached to the PMMA component to include the inlet and outlet between the outline of the channels. The GC-HMM substrate was then assembled with the PMMA-film structure to form microfluidic channels within the sensing device.
Optical characterization and experiments. Variable-angle high-resolution spectroscopic ellipsometry (J. A. Woollam, V-VASE) was used to determine the thicknesses and optical constants of the gold and Al 2 O 3 thin films. The reflectivity spectra as a function of excitation wavelengths were acquired using the same instrument, with wavelength spectroscopic resolutions of 0.4 nm and 0.2 nm.
Biosample preparation. Glycerol solutions with weight percentage concentrations of 0.1-0.5% were prepared in distilled water. BSA and biotin solutions with varying concentrations (10 fM to 1 mM) were prepared by serial dilution in distilled water (1:10). Biotin solutions (10 pM to 1 mM) were also prepared by serial dilution in PBS (1:10). GMBS stock solution was prepared by dissolving 25 mg GMBS in 0.25 ml DMSO and the stock solution was diluted in ethanol to obtain a 0.28% v/v GMBS working solution. A 4% (v/v) solution of 3-MPS was prepared in ethanol. Neutravidin (1 mg ml −1 ) was prepared by dissolving 10 mg of the protein in 1 ml distilled water and then diluting in PBS (1:10).
Surface chemistry. The GC-HMM substrates were cleaned using an ultraviolet ozone cleaner (Novascan PSDP-UV8T) for 5 min at 60 • C, immediately dipped in ethanol, and then immersed in 3-MPS solution for 30 min at room temperature. The GC-HMM substrates were then dipped in ethanol and immersed in GMBS solution for 15 min at room temperature. The substrates were then dipped in ethanol and distilled water before drying under nitrogen. The microfluidic channels were then joined to inlet and outlet tubes and the channels were flushed with PBS. Neutravidin solution was then injected into the microchannels and incubated for 45 min at room temperature before flushing again with PBS to remove excess neutravidin.
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S1. Optical constants of gold and Al2O3
Variable angle spectroscopic ellipsometry (J. A. Woollam Co., Inc, V-VASE) has been used to obtain the optical constants of gold and Al2O3 thin films. By using thermal evaporation of gold pellets, gold thickness of 20 nm was deposited on a glass substrate and a general oscillator model was used to fit the measured ellipsometry data. For the measurements of Al2O3 thin film, a 50 nm Al2O3 layer was first deposited on a silicon wafer using electron-beam evaporation and a Cauchy model was used to fit the measured data to obtain the refractive index of Al2O3 dielectric layer.
The obtained permittivity values of gold and Al2O3 thin films are shown in Fig. S1 . The real and imaginary permittivity values for gold are represented by the blue and red lines, respectively.
Positive dielectric constants of Al2O3 are represented by a black line. Due to Drude-type response of free electrons in metals at higher wavelengths the real permittivity values of gold show a wellknown decreasing trend towards strongly negative values 1 . Figure S1 . Permittivity values of gold and Al2O3 determined using spectroscopic ellipsometry.
S2. Time-resolved photoluminescence measurements
We used time-resolved photoluminescence spectroscopy to confirm the existence of high-k modes The time decay curves of reference and HMM samples are shown in Fig. S2a . It is clear that there is a large variation in time decay for HMM compared to reference sample. In order to obtain the lifetime, the data were fitted using, , where τi is the lifetime.
Since longer times are attributed to uncoupled dye molecules, located above the coupling distance from the HMM, we used shorter decay times (τ1) to predict the existence of high-k modes in HMM, 
S3. Reflectance spectrum
The reflectance spectrum of sensor device under distilled water environment is shown in Fig. S4 .
One can see that the reflectance spectrum is modified at longer wavelength compared to the GC-HMM ( Fig. 1d ), particularly the fourth BPP mode (λ>2000 nm) is missing from the spectrum due to the higher absorption of relatively thick polymer channel at longer wavelengths. It is evident that the reflectance minima observed at longer wavelengths are not guided modes because those minima are not blue shifted when the angle of incidence is increased from 20 ο to 50 ο . In comparison to reflectance spectra of GC-HMM (Fig. 1d) , a large red shift in resonance wavelength is observed in Fig. S4 , which is due to the large refractive index contrast between air and distilled water. Figure S4 . Reflectance spectra of the sensor device under distilled water environment.
S4. Sensor performance evaluation (with functionalization)
In the case of functionalized samples, reflectance minima were obtained at 1300±5 nm for the first mode, 885±4 nm for the second mode, and 685±4 nm for the third mode. Here the angle of incidence was set to 30 ο . The spectroscopic resolution of 0.2 nm was taken for binding events experiments, which is far above the spectroscopic resolution of the instrument (0.03 nm). A scanning time of around 50 seconds is required to record data points of about 130 for each measurement (binding events experiments). Therefore the time required for recording one data point is around 0.4 seconds, which is higher than the minimum measurement time of the instrument (0.1 seconds). Therefore the noise level is well below the signal amplitude. We have an error bar of +/-0.1 nm since our wavelength step size is 0. there is a tradeoff between scanning time resolution and spectroscopic resolution .In order to get a data point, by scanning a mode, within one minute, we have used 0.2 nm spectroscopic resolution, which means that any mode shift below 0.2 nm is not observed. This is the reason why we did not record considerable shift within 50 sec at given time intervals ( Fig. 3c and Fig. S6 ). The obtained peak shift is due to the change in local refractive index induced by the binding of injected biotin molecules within the illuminated areas of 100 µm X 100 µm. The initial wavelength shift for first mode of four concentrations are shown in Fig. S7 . As expected, the initial wavelength shift increases when the concentration of the biotin is increased from 10 pM to 1 µM. Note that no further considerable wavelength shift was observed for higher (10 μM) concentration of biotin in PBS after 1 μM. This is due to the complete coverage of neutravidin sites in the case of functionalized samples.
One of the raw data of 10 pM biotin concentration after rinsing with PBS is shown in Fig. S8 .
It is clear from the figure that spectral position of the modes are slightly blue shifted when the time Then we performed an experiment to study molecular binding events by recording two modes simultaneously. Since the highest sensitive mode (first mode (~1300 nm)) is far away from other modes, we have simultaneously recorded second (~870 nm) and third (~670 nm) modes. Since we needed to scan the reflectance spectra over a broad wavelength range, the wavelength spectroscopic resolution was set to 0.4 nm. The reflectance spectra were recorded every 3 min.
Since the lower concentrations do not provide a large wavelength shift for the third mode, we have performed experiments using 1 μM biotin in PBS. The wavelength shifts of the second and third modes with respect to PBS are recorded over time (Fig. S9) . One can see that the second and third modes shifts differently over time. The second mode provides larger shift as compared to the third mode due to its higher refractive index sensitivity and FOM.
Also it is clear that there are a significant number of discrete points (red and blue dots) are at basically the exact same level because it was not feasible to record a wavelength shift below 0.4 nm caused by the adsorption of biotin molecules since the wavelength spectroscopic resolution of our measurement was set to 0.4 nm. Figure S9 . Binding of biotin molecules on the sensor surface by simultaneously recording the second and the third modes, using 1 µM biotin in PBS.
S5. Sensor performance evaluation (without functionalization)
Relative to the distilled water control, a wavelength shift of 5.2 nm was observed for 10 fM BSA and a maximum shift of 20.2 nm was observed for 100 nM BSA (Fig 4a) . Substantial shifts of 1.8, 1.4 and 1.2 nm were observed for the first, second and third modes in the presence of 10 fM biotin.
In order to show the binding of BSA molecules on the sensor surface for different concentrations, we have used different samples of the same batch for lower and higher concentrations. Here, we demonstrate the binding of BSA to the sensor surface by recording the wavelength shift of different concentrations (100 fM, 100 pM and 100 nM) of BSA over time (Fig. S10) . The reflectance spectra of all samples were recorded at an incident angle of 30 degree. For all samples, the resonance wavelength of first mode after injection of DI water is obtained at 1280±5 nm. It is evident from The reflectance spectra of the third mode for BSA, biotin and BSA+biotin solutions with different concentrations are shown in Fig. S12a, Fig. S12b and Fig. S12c , respectively. According to Fig. 4 (in the manuscript), biotin provides comparatively smaller wavelength shifts in comparison with BSA due to the lower molecular weight of biotin. Interestingly, for the third mode, the shift obtained in the case of BSA+biotin is almost similar to the case of biotin alone, which is a clear indication of selective binding of biomolecules. To study this concept, we plotted the difference in wavelength shift between first (NIR) and third (visible) mode of BSA and biotin, which is shown in Fig. S13 . We observed that the different modes do not shift in a one to one manner. To answer this question, let us analyze the adsorption process. Though N(c) is inaccessible, we can determine a reliable upper bound on this number, which we will call Nmax (c), the maximum number of molecules on average that can be adsorbed on the sensor surface. Since N(c) ≤ Nmax (c)
, we know Δλ(c)/Nmax(c) will be a lower bound on the true sensitivity Δλ(c)/ N(c). To derive Nmax (c), we consider several factors that contribute to N(c), and how they can be manipulated to yield a bound on the adsorbed population: Figure S14a shows the case where the largest number of grating squares lie inside the beam boundary, which we will use to calculate Nmax. This corresponds to approximately 28 squares, or a total effective sensor area of 0.28 mm 2 .
• Adsorption on boundaries of microfluidic volume: Only a small fraction of the total population of BSA or biotin molecules will end up adsorbed on the illuminated sensor area.
Adsorption can occur anywhere along the bottom gold surface, not just the sensor, and also on the PMMA top and side surfaces of the microfluidic device. For Nmax, we will assume only the bottom surface is adsorbing, since any competition from the PMMA surfaces will always lead to fewer molecules on the sensor. We will also assume the adsorbed molecules are equally distributed across the entire bottom surface, which has dimensions of 2 mm x 14 mm, an area of 28 mm 2 . Hence, given a certain maximum possible adsorbed population on the bottom, only a fraction 0.28 mm 2 /28 mm 2 = 0.01 will be in the sensing region and relevant to the wavelength shift.
• Irreversibility of adsorption: In principle the equilibrium adsorbed population N reflects the net flux of molecules binding to the sensor areas minus the flux of molecules unbinding. To obtain Nmax we will assume that binding is irreversible, since any unbinding events will always lower than adsorbed number. Based on earlier work 4 looking at BSA adsorption on a gold surface, this irreversibility is likely to be approximately true on the time scales of the experiment (~ 1 hr).
Putting these considerations together, we can now calculate Nmax. Since the microfluidic channel 
where Ai, Λi, i=1,2, are parameters. The best-fit values are shown in the figure. At large Δλ, this function captures the exponential changes in Nmax associated with small increases of Δλ. In fact there are clearly two exponential regimes in the data, necessitating a biexponential fitting form.
With increasing c, there is a crossover around Δλ = 13 nm from the regime with exponential constant Λ1 = 2.1 nm to a faster growing one with Λ1 = 0.56 nm. The fitting function is not just a sum of two exponentials, but includes a constant term -(A1+A2) so that Nmax=0 when Δλ = 0. In the limit Δλ→ 0 (or equivalently c→ 0) we know that the number of adsorbed particles on the sensor areas becomes tiny. If Nmax << 28 (c << 3 fM), then typically there will be one or zero adsorbed molecules in each grating square. Since each square contributes independently to the wavelength shift, we know that Δλ must be proportional to N (and by extension Nmax) in this limit.
Eq. (1) does indeed exhibit this property, with for Δλ→ 0. As c increases, the possibility of multiple adsorbed molecules per square leads to interference effects and hence nonlinearity, with each additional molecule having a decreasing impact on the wavelength shift. Figure S14c shows the ratio Δλ/ Nmax versus Nmax. Since this ratio is a lower bound on the true sensitivity, it is instructive to compare it to the threshold Λmin required to detect single molecule adsorption. The smallest experimental concentration, c= 10 fM, has the largest observed ratio, Δλ/ Nmax = 0.06 nm. This is nearly at the single molecule threshold: no more than 3 molecules adsorb on average for every 0.2 nm shift in wavelength. Consistent with the discussion above, the Figure S14d shows Nmax versus Δλ(c) for the case of biotin. As with BSA, the model in Eq. (1) describes the data well. The overall magnitudes of Δλ(c) are smaller for biotin than for BSA at the same concentrations, which makes sense since biotin is a much smaller molecule (244 Da for biotin compared to 66,430 Da for BSA). Figure S14e shows the sensitivity ratio Δλ/ Nmax for biotin.
Despite the two orders of magnitude difference in molecular weights, the sensitivity at the smallest concentrations of biotin is about one-third that of BSA in Fig. S14c . Hence the system maintains its remarkably high level of responsiveness even for low weight molecules.
S7. Numerical simulations
Numerical simulations have been performed to justify the physical reasons behind the extreme sensitivity of our device. Scattering matrix method [5] [6] [7] was used to obtain the reflectivity of the GC-HMM and finite-difference time domain (FDTD) (using commercially available lumerical FDTD software) method has been used to show the transversal confinement of the different modes and their mode profile. For a comparison purpose, a reference sample has been designed and fabricated, which consists of 2D gold hole array on a Al2O3 spacer layer (10 nm) deposited glass substrate.
The grating parameters are same as that of GC-HMM. A schematic representation of fabricated reference samples is shown in Fig. S16c .
The reflectivity plot of GC-HMM under air environment was first simulated and validated with experimental results. In our simulations, the optical constants of gold are calculated based on Drude free-electron theory, where is the plasma frequency of gold and is the relaxation time. As evidenced from Fig. S15 , the simulated reflectance spectrum is well correlated with experimentally obtained results ( Fig. 1d in the manuscript). Importantly, the higher wavelength BPP mode around 2000 nm is clearly visible in the simulated spectrum. However, all the BPP modes are slightly red shifted as compared to experimental reflectance spectra. The reflectance spectrum (simulation and experiment) of both samples when DI water as the superstrate is shown in Fig. S16 . A microfluidic channel was fabricated on top of the sample to flow the DI water. Here the incident angle was set to 30 ο . It is evident from the figures that reference sample shows only two low optical quality factor modes at shorter wavelengths (below 500 nm) and those two modes are corresponding to the surface plasmon polaritons (SPP) of metallic diffraction grating. However, GC-HMM supports four extra high quality factor modes above 500 nm and one low quality factor mode below 500 nm. It shows that the four modes obtained above 500 nm are the bulk plasmon polariton modes of HMM and one mode obtained below 500 nm is the SPP mode of diffraction grating 8 . However, the SPP mode of GC-HMM provides comparatively higher quality factor than that of reference sample. This is because GC-HMM supports long and short range surface plasmon polaritons (LRSP and SRSP) in addition to SPP and BPP 8 . It shows that simulation results are in good agreement with experimental results.
However, the spectral positions of the modes of the GC-HMM (Fig. S16a ) are red shifted as compared to experimental results (Fig. S16b) . Nevertheless, the purpose these simulations is to
show the supporting SPP and BPP modes of GC-HMM and their response to the external bulk refractive index changes.
Since the reference sample supports only SPP modes, we have considered that sample as the standard SPP-based plasmonic sensor. To provide further evidence for the existence of SPP modes in the reference sample, the reflectance spectra of two modes were recorded for different angles of incidence ( Fig. S17a) . A blue shift in resonance wavelength with increasing angle of incidence predicts that those modes are SPP. The refractive index sensitivity of reference sample was studied by injecting DI water and 0.5% glycerol in DI water in the sensor microfluidic channel (Fig. S17b) .
A wavelength red shift of 1.2 nm was obtained for the mode at 450 nm and no considerable shift was obtained for the mode at 375 nm. The calculated refractive index sensitivity of SPP mode at 450 nm is around 2000 nm/RIU. However, GC-HMM provides a very high sensitivity of 10,000 nm/RIU for that particular SPP mode (see Fig. S17c ). This is due to the high quality factor of the 22 SPP mode of GC-HMM. It shows that RI sensitivity of our device based on SPP mode is even better than that of the standard SPP-based plasmonic sensors (reference sample).
Furthermore, we have calculated the optical quality factor of GC-HMM and the reference sample using experimentally obtained reflectivity data. Here the optical quality factor is considered as the ratio between resonant wavelength and FWHM (full width at half maximum) of the mode.
Note that the direct comparison between the simulated and experimental optical quality factor of GC-HMM is not possible because the resonant wavelength of all modes are different in both cases.
The optical quality factor of GC-HMM for NIR wavelength modes to visible wavelength modes are 25.5, 22, 17.7, 8.4 and 5, respectively. As expected, maximum quality factor is obtained for the first BPP mode (1300 nm) and quality factor of modes decrease with decreasing mode wavelength. However, the quality factor of the SPP mode (at 450 nm) of reference sample is less than that of the same mode of GC-HMM (at 450 nm). This is the reason why GC-HMM provides higher refractive index sensitivity compared to the reference sample for that wavelength. shift obtained for third and fourth mode is almost the same. The simulated behavior of the modes exactly matches the experimentally realized results (Fig. 2) .
In addition, we have simulated the mode profile of all modes using FDTD method. In order to
show the extraordinary properties of the modes supported by GC-HMM we compared the results of GC-HMM with the reference sample. In the FDTD numerical simulations, the Bloch boundary condition with smallest spatial grid size of 1 nm was used for the iteration to maintain the accuracy and stability. In our simulation models, we have considered a sensor grating geometry (Fig. S16c) in which the gold layer only covers the top and bottom of the PMMA grating (not the side walls).
The optical constants of gold and Al2O3 were taken from Palik 9 and a constant refractive index of biosensing) on the superstrate obtained at a same point in the x-direction ( Fig. S19 (i-iii)) is shown in Fig. S20 . It is evident that transversal confinement is higher for longer wavelength modes as compared to shorter wavelength modes. One can see that the transverse decay of the field strongly varies (slope of the intensity vs transverse distance curve) from one mode to another. It turns out that different modes behave differently for the size of the biomolecules to be sensed. Since the first BPP mode at 1300 nm shows maximum transversal confinement on the superstrate, it provides maximum RI sensitivity as confirmed in both experiment and simulation. The sensitivity also decreases with decreasing mode wavelength due to the reduction of transversal confinement on the superstrate. Since the enhanced electromagnetic field is strongly confined near the 2D hole array (in the order of few nanometers), the size of the captured biomolecules (even small molecular weight) overlaps with this field and enhance the sensitivity. In short, the extreme sensitivity of our sensing platform for the detection of lower molecular weight biomolecules in a highly diluted solution is due to the highly confined field distributions on the superstrate at hyperbolic dispersion. In particular, high-k modes (BPP) of HMM are responsible for this enhanced field distribution. Therefore, the different sensitivity of the modes with respect to the size/molecular weight of the molecules is due to the fact that the transverse decay of the field strongly varies from one mode to another. Figure S20 . Simulated transversal confinement of three modes (1300, 880 and 680 nm) on the superstrate. Data are taken by selecting a point (x=200 nm) in figures S19a (i to iii) for three wavelengths.
In order to validate the enhanced measured shift of lower molecular weight biomolecules, we have performed numerical simulations to calculate the refractive index sensitivity of different modes for the shallow (thin dielectric layer) refractive index (RI) changes. To mimic the resonance shift induced by the binding of small molecules at very low concentrations (10 pM), a very thin dielectric layer of thickness 10 nm was used as superstrate. The refractive index of the thin dielectric layer was varied from 1.333 (DI water) to 1.3353 (2% glycerol in DI water). The reflectance spectra of the three modes of GC-HMM for shallow RI changes are shown in Fig.   S21a . By comparing Fig. 2 and Fig. S18 , it is clear that the sensor provides higher sensitivity for bulk RI changes as compared to shallow changes. This is a well-known behavior of plasmonic sensors 10 . The wavelength shift calculated with respect to DI water for shallow RI changes of the three modes of GC-HMM is shown in Fig. S21b . As expected, the wavelength shift of the modes vary from first to third in which the first mode provides maximum wavelength shift and third mode provides minimum shift due to different transverse decay of the different modes. The same behavior was experimentally confirmed for biomolecules ( Fig. 3 & Fig. 4 ).
However, the direct comparison between the enhanced measured shift and calculated shift is not straightforward because the calculation of the RI changes induced by the binding of small biomolecules on the sensor surface is not feasible and the spectral positions of the three modes are different in both experiment and simulation. Also, it is well known that surface label free biosensors behave differently for homogenous RI changes compared to RI changes due to biomolecules adhesion. Therefore, we put forward an alternative approach to validate the enhanced measured shift with calculated shifts. Here, the wavelength shift ratio between the three modes of GC-HMM are compared. Specifically, the wavelength shift ratio between the first and the second modes, the first and the third modes, and the second and the third modes are compared.
The corresponding values of the three modes for experiment and simulations are shown in Table   1 . For three modes, the wavelength shift obtained for the different concentrations of biotin ( Fig.   3d in the manuscript text) is considered for the experimental values whereas the shift calculated with respect to DI water (1.3330) when the refractive index values of 10 nm dielectric layer varied from 1.3336 (0.5 % glycerol in DI water) to 1.3353 (2 % glycerol in DI water) are considered for the simulation (Fig.S21 ). It is clear from the table that the average wavelength shift ratio obtained for the three modes in the experiments are in good agreement with the average values of shift ratio calculated using numerical simulations. These observations support the experimentally obtained sensitivity enhancement of small biomolecules. 
